Abstract-This paper presents a switched-capacitor (SC) current integrator circuit for impedance measurement of tethered bilayer lipid membrane (tBLM) biosensors. The circuit comprises a small number of high performance components enabling enhanced experimental flexibility and reliability.
INTRODUCTION
Measuring ion channel activity is of central importance in many bioanalytical and medical applications including the biophysical characterization of channels, drug screening or medical point-of-care diagnostics to mention a few. As an example of ever increasing relevance in this context we consider biosensors based on ion channels, where the measurement of electrical impedance modulation is the key element for detecting and quantifying specific biological functions, such as selective binding of a ligand to a cognate receptor. Classical electrochemical impedance spectroscopy (EIS) techniques, like lock-in amplifier measurements, allow quantification of channel activity [1] . However, these techniques require high-cost, heavy laboratory equipments, which make them inconvenient for low-cost, low-power, and miniaturized lab-on-a-chip systems composed of dense arrays of biosensors. Such miniaturized systems can only be realized through dedicated electronics capable of measuring very small electrical changes in the sensor. Additionally, monitoring the real-time transient sensor response can give further important information on the ion channel properties.
Here, we provide an IC-compatible approach to fulfill the requirements for highly-sensitive and real-time impedance measurements of tBLM biosensor arrays.
II. TETHERED BLM BIOSENSOR tBLMs are ideally suited for reconstituting membrane proteins, in a functionally active and mechanically stable form to be investigated by surface sensitive analytical techniques. The variation of the electrical resistance of tBLMs containing ion channels by ligand binding has been used in biosensors [1] [2] [3] [4] [5] [6] . Attractive features of this type of biosensors include high amplification of ligand binding by ligand-gated ion channel currents (up to 10 8 ions/sec), high specificity and biocompatibility. A schematic view of a tBLM on a gold electrode is shown in Fig.1 . The lipid bilayer is attached to the gold surface via sulfur-terminated hydrophilic spacers of thiolipids [1] . The resulting aqueous phase between the electrode surface and the lipid bilayer is designed to accommodate the extramembraneous parts of membrane proteins. Tethered lipid bilayers can be formed quickly and easily by self-assembly; they show an exceptionally high mechanical stability [3, 5] .
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Ion Channels Ion Channels More complicated sensor models employing higher order lumped components and non-ideal circuit elements, such as constant phase element, have been proposed [4] . In the simplified circuit model, R M and C M represent the resistance and capacitance of the lipid bilayer membrane, respectively, while R S is the resistance of the solution and C I describes the interfacial capacitance. Fig.2 shows the magnitude and phase parts of a typical impedance spectrum of tBLM biosensors. This plot implies that C I dominates the response at very low frequencies, whereas C M becomes effective at relatively high frequencies. At a mid-frequency range, generally between 1 Hz and 100 Hz, R M is the element dominating the impedance response. Since modulation of the R M is used to detect or quantify the ligand binding to an ion channel, this frequency range is quite important for attaining maximal sensitivity of the biosensor.
III. READOUT CIRCUIT
In tBLM sensors, changes in the membrane resistance (∆R M ) cannot be detected by DC measurement techniques due to the DC-blocking effect of the C I . Thus, the sensor has to be excited with a time-varying current or voltage signal whose amplitude and frequency should be adjusted carefully to avoid excessive signal amplitudes or large DC bias voltages which may easily cause permanent damage of the tBLM. Here, a low-amplitude (below 50mV pp ) and zero-offset voltage pulse at the frequency where overall impedance is mostly dominated by R M is applied to the sensor; the resultant current is then measured through a high-sensitivity readout circuit. Fig.3 shows the simplified circuit schematic of the overall readout electronics composed of a pulse generator, an analog interface, and a data acquisition (DAQ) board for digital signal processing (DSP).
A major problem of biosensors whose operation is based on resistance measurement is the fact that ∆R M is generally much smaller than the nominal value of the R M . This leads a relatively large nonspecific output current creating an output offset that may possibly saturate readout electronics even in the absence of a biological activity. In order to suppress the output offset by minimizing the nonspecific component of the resultant current, a pseudo-differential operation scheme is employed. In this approach, an external reference electrode having an impedance spectrum very close to that of the actual sensor is connected to the readout circuit. By applying differential voltage pulses, only the portion of the current related to ion channel activity is sensed by the interface electronics. Therefore, much higher sensitivities in the full supply range are attained. Although the mismatch between the sensing and the reference impedances is still an issue for reference circuits implemented with external R-C components, it is expected that any possible mismatch can be minimized by using reference electrode sites. These can be fabricated with the same process steps as the sensing electrodes and can be located as close as possible to the sensing ones within the array.
The readout electronics must be capable to detect very small levels of sensor output current. The most common and simplest way of measuring small currents is to use transresistance amplifiers. However, in standard CMOS processes it is not feasible to implement real resistors having very large values required for high-sensitive I-V conversion. Employing MOS transistors operating in subthreshold region can be an alternative solution; nevertheless, the channel resistances of such transistors are not well controlled due to process variations. Thus, an SC current integrator, which is widely used for MEMS capacitive sensors [7] , is employed in our system. The circuit can easily be implemented on-chip and it provides high-sensitivity operation. The operation principle is as follows: in the reset phase, the unity-gain feedback provides a robust DC biasing at the sensing node, eliminating the effects of parasitics; then, in the integration phase, generated current in response to applied pulse is converted to voltage with a sufficiently high I-V conversion factor owing to very-large effective impedance of the integration capacitance (C int ) at the frequencies involved.
The output of the SC integrator is then applied to a sample-and-hold circuit whose output is acquired by a DAQ board. This signal is digitally low-pass filtered by LabVIEW software (National Instruments) to extract the baseband voltage proportional to the membrane resistance change.
IV. TEST RESULTS
The measurement circuit is implemented with high performance discrete components to improve experimental flexibility and reliability during the verification and characterization tests. These tests are performed in two steps: first, the functionality of the circuit is verified by the electrical equivalent model of the biosensor; then, the circuit is connected to actual sensors and results are compared to those of lock-in amplifier measurements. From the same plot, the R 2 nonlinearity is calculated as 0.3%.
The effect of the excitation frequency on the response of the proposed circuit is measured and compared to SPICE simulations. R M is changed from 1Mohm to 1.1Mohm and the resultant output voltage difference is plotted. Fig.5 gives the frequency response of the electrical equivalent model measured for set of frequencies ranging from 2Hz to 200Hz. ∆R M leads to higher sensitivities in a certain mid-frequency range as expected. Moreover, this plot also implies that measurement results are consistent with the simulations.
In order to compare the outputs of SC integrator and lock-in amplifier, the circuit response given in Fig.5 is converted to equivalent impedance change by using the sensitivity information derived from Fig.4. Fig.6 shows the magnitude of the impedance change measured by the proposed circuit and the lock-in amplifier. The distorted response of the lock-in amplifier is due to the limited number of data points since measuring with higher number of data points requires very long measurement durations at such low frequencies. The response of the SC circuit is in good agreement with the lock-in amplifier response except a shift in the frequency where the response reaches its peak value. Since the effective impedance of the integration capacitance is higher at lower frequencies, thus leading to higher sensitivities at lower frequencies, the overall frequency response shifts to the left as expected. Having verified the circuit operation with electrical equivalent models, the proposed impedance measurement circuit is tested with the actual tBLM biosensors comprising 500μm diameter Au disk electrodes. The initial state of the membrane is first characterized by the lock-in amplifier. Fig.7 shows the real part of the measured impedance spectrum. From this plot, the nominal value of the R M is calculated as 100Kohm. The sensor and the estimated reference impedance are then connected to the proposed impedance measurement circuit. Fig.8 shows the measured average output voltage after the addition of 0.3µM Gramicidin [6] , an antibiotic creating ion channels in the membrane; thus, leading to a decrease in R M . It is clearly seen that the ion channel formation and change in the membrane impedance can be monitored continuously through the real-time impedance measurement technique. DC offset due to the mismatch between reference and sensing impedances and low-frequency noise are the main problems observed; however, these can be solved by fabricating reference electrodes sites and employing circuits having 1/f noise cancellation techniques. The decrease in the membrane resistance is then verified by the lock-in amplifier, as shown in Fig.7 .
In addition, the system behavior is also tested under the influence of complex physiological fluids, such as blood serum or ascitic fluid. The increase of R M due to ligand binding is often masked in complex media by unspecific effects such as adsorption of proteins to local defects or partial damage of the lipid bilayer. However, consistent results between the SC integrator and the lock-in amplifier are invariably obtained.
V. CONCLUSION
A real-time, highly-sensitive and integrable impedance measurement technique for monitoring the membrane resistance change of tBLM biosensors in response to ion channel activity is presented. It is aimed to replace conventional electrochemical impedance spectroscopy techniques with compact and dedicated electronics enabling the realization of miniaturized lab-on-a-chip systems composed of high density biosensor arrays. In the proposed approach, the DC offset due to the nonspecific component of the generated current is minimized through pseudo-differential operation, and then the output current related to the biological activity is converted to voltage by a high-sensitivity SC integrator circuit.
The circuit functionality was first tested with the electrical equivalent models of the sensor. Then, it was tested using tBLM biosensors by continuously monitoring ion channel formation. It was demonstrated that the SC circuit can provide real-time impedance measurements in good agreement with conventional impedance spectroscopy techniques. We concluded that the fully-integrated version of the proposed approach is a promising solution for tBLM sensor arrays having sensing and reference membranes on the same support. Figure 8. Measured average output voltage of the circuit after the addition of 0.3µM Gramicidin, when the sensor and the reference impedances are excited with differential square pulses having peak-to-peak amplitude of 10mV at 50Hz.
